Abstract-Computational modeling is often used to quantify hemodynamic alterations induced by stenting, but frequently uses simplified device or vascular representations. Based on a series of Boolean operations, we developed an efficient and robust method for assessing the influence of current and next-generation stents on local hemodynamics and vascular biomechanics quantified by computational fluid dynamics. Stent designs were parameterized to allow easy control over design features including the number, width and circumferential or longitudinal spacing of struts, as well as the implantation diameter and overall length. The approach allowed stents to be automatically regenerated for rapid analysis of the contribution of design features to resulting hemodynamic alterations. The applicability of the method was demonstrated with patient-specific models of a stented coronary artery bifurcation and basilar trunk aneurysm constructed from medical imaging data. In the coronary bifurcation, we analyzed the hemodynamic difference between closed-cell and open-cell stent geometries. We investigated the impact of decreased strut size in stents with a constant porosity for increasing flow stasis within the stented basilar aneurysm model. These examples demonstrate the current method can be used to investigate differences in stent performance in complex vascular beds for a variety of stenting procedures and clinical scenarios.
INTRODUCTION
Hemodynamic forces including pressure, strain, and indices of wall shear stress (WSS) influence the onset and progression of cardiovascular disease (CVD) and the efficacy of devices used for its treatment. For example, stent-induced changes in vascular biomechanics can lead to lumen stiffening, local compliance mismatch and vascular or stent damage. 5, 16 In addition to the chronic radial force introduced on the vessel by a stent and the corresponding loading imparted on the stent by a vessel, associated changes in local vascular geometry and subsequent indices of WSS have been shown to influence sequelae such as neointimal hyperplasia, restenosis, and potential for thrombus formation in the coronary arteries. 24 When coupled with the NIH Roadmap for Medical Research and the FDA's Critical Path to New Medical Products, which both advocate the development and application of advanced scientific resources for evaluating medical products and data, these findings indicate there is a need for a rapid and robust method of evaluating current and emerging stent designs based in their impact on hemodynamics and vascular biomechanics.
Computational fluid dynamics (CFD) offers a noninvasive tool to quantify hemodynamic indices in vessels reconstructed from imaging data and to relate spatiotemporal patterns of these indices to vascular disease. 47, 52 While previous CFD studies conducted to date in response to stenting have been invaluable, creating a detailed stent geometry from imaging data has only been accomplished using polytetrafluoroethylene tubes and ex vivo arterial segments. 4 In contrast, idealized computational models of deployed stents have often used simplified device or vascular representations. 21, 22 Solid mechanics studies of stent expansion with subsequent flow analysis undoubtedly offer an ideal approach for scrutinizing devices, but involve several potential limitations. For example, these studies are typically performed with only a portion of the stent, representing a few millimeters in length, but the typical length of stents implanted in the superficial femoral arteries can exceed 100 mm in length. Patient-specific modeling of stent-induced hemodynamics and vascular biomechanics also first requires modeling stent implantation using solid mechanics, which is computationally expensive. As a result, a full-scale analysis of this type is rare.
The objective of this investigation was to develop a rapid and robust method for assessing the influence of current and next-generation stents on patient-specific local hemodynamics and vascular biomechanics quantified by CFD. As opposed to a full-scale approach of solid mechanics modeling with subsequent CFD, we determine the post-implantation deformation of strut linkages for a portion of the investigated stent using finite element analysis (FEA) or microscopy if the expanded orientation of linkages is not previously known, and then use computer aided design (CAD) to propagate the knowledge of strut deformation throughout the full length of a stent for virtual implantation into patient-specific CFD models. The organization of this investigation begins with a description of the methods imposed to virtually implant commercially available, next-generation or prototype stents within a CFD model. The use of this new method is then applied in two examples using patient-specific CFD models generated from the coronary and cerebral portions of the arterial vasculature. Importantly, each of these examples highlights the use of these methods to investigate current clinical sequelae and potential sources of long-term morbidity thought to be influenced by adverse hemodynamic alterations.
METHODS

Patient-Specific CFD Model Creation
Computational representations of the vasculature were created using Simvascular open source software (https://simtk.org/home/simvascular), which facilitates volume visualization and conversion of medical imaging data into geometrically representative computer models (Figs. 1a1 to 1a3 ). The process involves finding the centerline path of each artery, performing segmentation to delineate the arterial wall and connecting these segments to form a Parasolid model (Siemens, Plano, TX). In cases where the stent-toartery deployment ratio used clinically would alter the global geometry within the stented region (i.e., for balloon-expandable stents) physician guidance is required to alter segments within the stented region of the vessel according to standard interventional procedures. 44, 53 Creation of Stents
The current approach requires knowledge of the expanded orientation of strut linkages. If not known, this information can be determined in a number of ways including performing FEA for a portion of the stent 35, 56 or deploying a stent and quantifying the orientation of its strut linkages using light microscopy or microfocal X-ray CT. 34, 41 A CAD drawing of the expanded stent pattern is then created. The drawing is constrained using a set of equations and other criteria that allow the user to easily control specific features of the model. This parametric approach allows for properties including the number, width, and circumferential or longitudinal spacing (i.e., scaffolding) of struts, as well as the implantation diameter and stent length, to be easily adapted using variables. The drawing can then automatically be regenerated for rapid parametric analysis of the contribution of these parameters to resulting hemodynamic alterations since it dictates the geometry of the stent model as described by the following procedure.
The drawing of the expanded stent is wrapped around a tube with a diameter slightly larger than the vessel in which the stent will be virtually implanted and a thickness >5 times the desired stent thickness. The cell geometry of the stent is then cutout of the tube, resulting in a stent design that accurately represents a commercial available stent with an accentuated radial thickness. Each stent design in this study was created using CAD software capable of saving a Parasolid document such as Solidworks (Solidworks Corp., Concord, MA) or SolidEdge (Siemens, Plano, TX) in order to facilitate integration of the vessel and stent models.
Virtual Stent Implantation
Virtual stent implantation is achieved using a series of Boolean operations. The thick stent is flexed to match the curvature of the vessel (Fig. 1b4) . A separate solid model of the vessel to undergo virtual stenting in the absence of any branches is created and hollowed to the desired stent thickness (Fig. 1c1) . A Boolean intersection operation is then performed with the hollowed vessel and thick stent to yield a computational representation of the stent to undergo virtual implantation (Figs. 1c2 to 1c3) . A Boolean subtraction operation is then performed with this stent and the patient-specific model in order to remove the stent from the lumen and generate the flow domain for analysis (Fig. 1c4) . In the presence of branching arteries, the Boolean intersection that yields the patient-specific stent is performed only on the main vessel. The subsequent subtraction of the patientspecific stent is performed on the entire model of the vasculature such that the struts of the stent partially occlude the branching arteries.
Specification of Boundary Conditions and Simulation Parameters
Boundary conditions varied slightly between applications and specific details unique to each vascular bed will be presented in the subsequent examples. Generally, inlet boundary conditions were obtained from experimental data 10, 19 and outlet boundary conditions that replicate measured blood flow and pressure were applied. To replicate the physiologic influence of vessels distal to CFD model branches, a three-element Windkessel representation was imposed at model outlets using a coupled-multidomain method. 55 Importantly, this approach can only be applied to the coronary arteries by neglecting the contribution of ventricular contraction. 54 Nonetheless, the three-element Windkessel method provides a good estimate of the arterial tree beyond model outlets 59 and can be described by three main parameters with physiologic meaning: R c , C, and R d . R c is the characteristic impedance representing the resistance, compliance, and inertance of the proximal artery of interest, C is the arterial capacitance and represents the collective FIGURE 1. Method of patient-specific model construction. Imaging data, shown as a volume rendering (a1), is used to generate vessel centerlines and 2-D segments of the arterial geometry (a2). The segments were lofted together to create a 3-D solid model (a3). A parameterized sketch of the stent cell (b1) is wrapped around a thick tube (b2) and propagated along the length of the tube to create model of a thick stent (b3). The thick stent is flexed to match the arterial geometry (b4). The solid vessel (c1) is hollowed to radial thickness equal to that of the stent, such that the intersection of the thick model of the stent and thin vessel (c2) yields a patient-specific stent (c3) that is subtracted from the solid model to produce the flow domain (c4).
compliance of all arteries beyond a model outlet, and R d describes the total distal resistance beyond a given outlet. The terminal resistance (R t ) for each model outlet was determined from mean blood pressure (BP) and flow measurements and distributed between R c and R d as described below. The total arterial compliance (TAC) for each patient was determined using the measured inflow and BP measurements and assuming a R c :R t ratio of 6%. 26 The TAC was then distributed among outlets according to their blood flow distributions 48 and R c :R t ratios for each outlet were adjusted using the pulse pressure method 38, 49 thereby replicating desired BP values.
Blood was assumed to behave as a Newtonian fluid with a density of 1.06 g/cm 3 and dynamic viscosity of 4 cP. Three to four cardiac cycles were run to ensure simulation results were converged with a maximum error between equivalent time points in successive cardiac cycles <1 mmHg and 1 mm 3 /s for pressure and flow, respectively. Simulations were also scrutinized to ensure results were independent of the number of mesh elements in each model. Anisotropic meshes were created with unstructured tetrahedral elements using a commercially available, automatic mesh generation program (MeshSim, Simmetrix, Clifton Park, NY). Initial meshes were generated such that the density of elements around the stent struts was much greater than throughout the rest of the model. Meshes were adapted after each pulsatile simulation to place more elements near struts and other regions where they are most needed within the flow domain while inserting fewer elements where a coarse density is sufficient. The desired mesh independence criteria strived for a change in timeaveraged WSS values <0.09 dyn/cm 2 at predetermined proximal and distal intrastrut regions between successive meshes. 20, 37 Simulations were performed using a stabilized finite element method to solve equations for conservation of mass (continuity) and balance of fluid momentum (Navier-Stokes). Vessel wall elastodynamics equations were also solved where applicable. 7 
General Quantification of Results
After verifying that simulation results were mesh independent and replicated aimed BP and flow distributions, time-averaged wall shear stress (TAWSS) and oscillatory shear index (OSI) were calculated as previously described. 51 OSI is a measure of the directionality of WSS in which lower OSI values indicate WSS is oriented predominately in the primary direction of blood flow while a value of 0.5 is indicative of bi-directional WSS with a time-average value of zero throughout the cardiac cycle. ParaView was used to visualize pressure, velocity, WSS, and OSI.
Flow stasis was quantified by computing mean exposure time (MET), recently defined by Lonyai et al. 30 Using a particle tracking scheme, MET measures the duration particles reside within in each element of an MET mesh. In the stented models of this investigation, the mesh adaption process created highly anisotropic meshes with more elements along the stent struts, which was not suitable for computing MET. Auxiliary isotropic meshes were therefore used as part of a post-processing step for the MET calculations since this index depends on element size. To calculate MET for an element e, we define N e as the number of times a particle passes through the element, V e as the volume of the element, N t as the total number of particles released, and H p e t ð Þ as equal to 1 when a particle p is located inside the element at time t and is equal to 0 otherwise such that the MET is given by:
MET distinguishes between recirculating particles and stagnant particles because the duration a particle resides within an element is normalized by the N e , unlike other flow stasis measurements that quantify a cumulative duration. Lonyai et al., also normalized MET to V e , but in this investigation, MET was normalized to V 1=3 e . When MET is normalized to V e , small variations in element size can result in large variations in MET. Given the relatively small element size of the auxiliary meshes used in this investigation, it could be assumed particle movement through the elements was highly one-dimensional, and normalizing MET relative to V 1=3 e reduced variations in MET due to slight differences in element volume.
The computational domain was seeded with a high density of particles at the start of each MET analysis. The initial seeding was supplemented with a uniform concentration of particles released from the inlet(s) of the model over the course of one cardiac cycle by matching the release rate with the local flow rate and profile. The particles were advected for numerous cycles until all the particles exited the domain.
Example 1: Comparing Hemodynamic Alterations
Between Stents After Virtual Coronary Artery Implantation
Restenosis after bare-metal stent implantation limits their success and has cost the U.S. healthcare system an estimated 2.5 billion dollars since 1999. 45 Drugeluting stents designed to combat restenosis are prone to late thrombosis that may increase the likelihood of myocardial infarction. 9, 15 Interestingly, these problems with bare-metal and drug-eluting stents can be explained on the basis of altered blood flow within the stented region 11, 24, 43 suggesting that stents which optimize local hemodynamics after implantation may intrinsically reduce restenosis and the potential for thrombus formation and dislodgement. The methods described herein are therefore applied for this purpose using two different stent designs.
A CFD model was created as described above from a CT scan obtained from the OsiriX medical imaging repository (http://pubimage.hcuge.ch:8080/). The patient did not have a significant stenosis and the left anterior descending (LAD) and first diagonal branch diameters, branch angle, and radius of curvature matched published normal values. 8, 40 Computational representations of an open-cell ring-and-link design (Stent A) and a close-cell slotted tube prototype design (Stent B) created through contract manufacturing for use with experimental investigations in our laboratory were virtually implanted using the methods described above (Figs. 2a to 2b ). The resulting stented vessels mimicked the clinical practice of main vessel stenting without subsequent side branch balloon angioplasty. An LAD blood flow waveform at rest 20 was applied at the model inlet and outlet boundary conditions that replicated flow and pressure in the absence of ventricular contraction were applied using Simvascular. 54 A stent-to-artery deployment ratio of 1:1 was assumed. The stent was modeled as rigid while the modulus of elasticity and thickness of the vessel wall were selected to match the deformation previously observed in response to the imposed resting flow conditions. 39 Previous studies have demonstrated that distributions of TAWSS <4 dyn/cm 2 and high temporal oscillations in WSS quantified by OSI are associated with cellular proliferation, intimal thickening, and inflammation. 12 An automated computer program was used to quantify the area of the stented region containing TAWSS <4 dyn/cm 2 and the area of the lumen surface containing OSI >0.1. Due to differences in intrastrut area (i.e., scaffolding) and the number of strut linkages between the similarly sized stents, TAWSS and OSI were normalized to the overall area of the stent interfacing with the luminal wall. Intrastrut wall strain was quantified by measuring the change in the circumference of the vessel wall between systole and diastole at the point of the largest wall displacement. MET was computed at the bifurcation to visualize flow stasis in both the main and side branches induced by stent placement.
To visualize TAWSS and displacement over the entire stented region, the surface geometry of vessels was unwrapped whereby each (x, y, z) node of the surface mesh representing the vessel was mapped to a (h, l) coordinate system. The dimension h represents the circumferential location of the node for 0°-360°in which the zero degree location was arbitrarily chosen. The dimension l represents the length along the vessel in which the node was located. All lengths were measured relative to a piecewise cubic spline which defined the centerline of the vessel.
Example 2: Quantifying the Effect of Stent Strut Size on Cerebral Aneurysm Hemodynamics
Cerebral aneurysm rupture is the second leading cause of stroke in the United States. 29 To avoid rupture, blood flow to an aneurysm can be occluded to promote flow stagnation and induce thrombosis by means of surgical clipping or endovascular devices including coils and stents. In saccular aneurysms, coiling has been shown to be an effective treatment for rupture prevention. 33 Wide-necked aneurysms are more difficult to treat, and often a stent is used in conjunction with coiling to facilitate thrombosis in these cases. 46 ,57 Stent porosity, strut size, and cell geometry have all been identified as factors that affect cerebral stent performance. 3, 18 Decreased strut size of helical stents has been shown to favorably alter flow in idealized aneurysms geometries using particle image velocimetry (PIV). 28 The objective of this example was to evaluate how the strut size of a stent design similar to the commercially available Neuroform2 (Boston Scientific Neurovascular, Fremont, CA) stent affects hemodynamics in a patient-specific model of a wide-necked aneurysm using the computational stenting methods described above.
A cerebral model of a patient with a large basilar trunk aneurysm was constructed from MRI imaging data also obtained from the OsiriX medical imaging repository. Three stent designs similar to the Neuroform2 were modeled in an expanded configuration using the parametric modeling techniques described earlier. All stents had the same porosity but their strut size was varied for use in three CFD models. The number of longitudinal and circumferential repetitions was increased as stent strut size decreased in order to maintain a constant porosity in each model as shown by the design specifications in Table 1 . Though these stents are often used in conjunction with coils, only a stent model was placed across the neck of the aneurysm in order to isolate and characterize stent performance. Both the stent and vasculature were assumed to be rigid. Time-varying waveforms were imposed at the model inlets (two vertebral and two internal carotid arteries) based on previously characterized flow waveforms in this area of vasculature. 10 Three-element Windkessel model representations were prescribed at the six outlets of the model (two anterior, two middle, and two posterior cerebral arteries) to match the flow distribution in the Circle of Willis. 50 Vascular remodeling is known to occur in areas of elevated WSS. The area of the impact zone (TAWSS >20 dyn/cm 2 ) created by velocity impinging on the aneurysm surface was quantified in addition to the area of low TAWSS <4 dyn/cm 2 . 13, 31 Other CFD studies of cerebral stent performance have calculated flow through a plane across the neck of the aneurysm in order to quantify the turnover rate of blood in the aneurysm, which is indicative of the bulk flow stasis with the aneurysm. 2 Due to the abnormal geometry of the current aneurysm, it was difficult to define a plane that could be used for this purpose. To quantify flow stasis, each model was virtually clipped at both ends of the stented region to isolate the aneurysm following simulation and convergence. MET was then computed as previously described by releasing particles at the inlet of the isolated geometry. The cumulative distribution function (CDF) of the MET within the clipped volume was computed in order to quantify bulk flow characteristics within the aneurysm region. The CDF was constructed by calculating the fraction of volume less than a specific threshold and incrementing the threshold 0.0025 s/cm between 0 and 0.4 s/cm within the isolated region. From the CDF, the probability density function (PDF) of MET was also constructed.
Turbulence within the cerebral aneurysm models was investigated by quantifying the cycle-to-cycle variation within the velocity field as previously described. 27 Once the simulations were considered converged, four more cardiac cycles were simulated, resulting in five well-converged cycles. An ensemble average for each time point within the cardiac cycle was then computed over the last five cycles. Subtracting the ensemble averaged cycle from the original velocity field results in the fluctuating component of the velocity,ũ * x * ; t . Mathematically, the fluctuating velocity field can be used to compute the turbulent kinetic energy as:
where T is the length of the cardiac cycle, q is the density of blood equal to 1.06 g/cm 3 , andũ 1 ,ũ 2 , andũ 3 represents the x, y, and z components of the fluctuating velocity, and Á h i denotes the ensemble mean. We also computed the ensemble averaged kinetic energy (KE) as: 
where u 1 , u 2 , and u 3 represents the x, y, and z components of the ensemble averaged velocity. Finally, the ratio of TKE/KE was computed at peak systole.
RESULTS
A total of five stented models (two coronary, three cerebral) were created using the described method of stent implantation along with corresponding unstented models of each portion of vasculature investigated. The time to create each stented model varied depending on the complexity of the stent design and vessel geometry. The stent creation and implantation into previously built vessel geometries was accomplished in 12-16 h for each coronary stent and the N2-898 cerebral stent. Modifying the N2-898 design to create the N2-10912 and N2-12916 designs took about 45 min per model. Using 48 cores of an Intel Nehalem cluster with 3 GB of RAM per core and InfiniBand interconnects, CFD simulations of the final stented coronary meshes (3.2 million elements) took about 2.9 h per cardiac cycle, whereas the unstented coronary geometry (2.2 million elements) took 1.75 h per cardiac cycle. Using 64 cores, the final meshes of the stented (3.1 million elements) and unstented cerebral models (3.1 million elements) were simulated in 2.3 and 1.8 h per cardiac cycle, respectively.
Coronary Stenting
Distributions of TAWSS in the coronary arteries for the two stent types are illustrated in Fig. 3 . The main branch stent struts induced non-uniform distributions of WSS in the side branch immediately distal to the stent (Fig. 3, epicardial and myocardial insets) . Regions of low TAWSS (<4 dyn/cm 2 ) were localized near the struts and more prevalent distal to the bifurcation in both stent models. The total intrastrut area of the lumen exposed to low TAWSS was higher for the open-cell ring-and-link design (Stent A) (75.6%) than the close-cell slotted tube design (Stent B) (59.3%). The curvature of the model caused localized areas of low TAWSS along the myocardial side of the LAD lumen in both models. Analysis of the unstented model (results not shown) revealed the amount of lumen exposed to low TAWSS due to native vessel geometry is 5.8%, thus the amount of stent-induced low TAWSS is 69.8 and 53.5%. There were only modest differences in the area of the luminal surface exposed to high OSI between the two stent models (<1% for both models), but localized areas of high OSI were found to correspond to areas of low TAWSS along the myocardial lumen surface just distal to the bifurcation.
Displacement of the wall in the intrastrut region was 10 times less than that in other portions of the LAD (Fig. 3) . The larger open-cell geometry of Stent A allowed for a greater intrastrut peak displacement. However, the closed-cell design of Stent B allowed for a greater average circumferential wall strain due to the pattern of wall deformation within the intrastrut region (0.0035 vs. 0.0040). These values were much less than the strain of vessel wall distal to the stent which was near 0.03. Approximately 6.2 million particles were released in each bifurcation model over the course of one cardiac cycle and tracked for an additional 19 cardiac cycles to compute MET. Stent implantation increased the region of high MET near the wall of the vessel in the main branch (Fig. 4 , bifurcation plane and cross-section A). The most pronounced difference in MET due to stent implantation was in the side branch, just distal to the stent (Fig. 4, cross-section B) . In this region, the MET mimicked the stent design, placement, and number of struts in the side branch which caused MET near the center of the vessel to increase relative to the unstented model. Approximately 1.25 mm distal to cross-section B the MET field of the stented models reflected that of the unstented model, with only slight differences in area of high MET near the vessel wall. The MET was lowest near the carina of the bifurcation which corresponds to increased velocity in this region.
Cerebral Stenting
Peak systolic velocity, TAWSS, and peak systolic TKE for the three cerebral aneurysm stent designs are shown in Fig. 5 . Peak systolic velocity in the dome of the aneurysm decreased as stent filament (i.e., linkage) size decreased, as well as the size of the high velocity jets through the stent. Decreasing filament size also reduced TAWSS on the distal wall of the aneurysm, and caused the area of high TAWSS to move from the dome of the aneurysm towards the neck. The area of the impact zone (TAWSS >20 dyn/cm 2 ) was 7.2, 3.2, 2.6, and 1.7% of the total aneurysm lumen area for the unstented, N2-898, N2-10912, and N2-12916, respectively. Similarly, the area of low TAWSS (<4 dyn/cm 2 ) was 33.9, 55.4, 59.3, and 64.9%. Qualitatively, the TKE in the aneurysm was minimal throughout the cardiac cycle. Only mildly unsteady flow was present during peak systole. Volume rendered TKE showed no apparent relationship between the TKE and stent filament size (Fig. 5) . Similarly, mean TKE values, measured in the stented region (Table 2) do not indicate a trend consistent with the observed decreases in velocity and TAWSS. The unstented geometry had the largest TKE, the N2-12916 had the lowest TKE, but the N2-10912 and N2-898 have similar values of TKE. The basilar artery proximal to the aneurysm had a diameter of 3.6 mm and computed peak and mean Reynolds numbers (Re) of 472 and 240 over the cardiac cycle, respectively.
Mean exposure time within the unstented aneurysm model and the model stented with the N2-12916 stent are shown in Fig. 6 . Similar to the coronary MET calculation, 6.9 million particles were released over the course of one cardiac cycle and tracked from an additional 19 cardiac cycles for each model. The greatest increase in MET was near the wall of the model and in the middle of the aneurysm. The stent struts also induced a small area of high MET near the stent/lumen interface (Fig. 6 , cross-section B of the N2-12916). The MET field of the N2-898 and N2-10912 (results not shown) exhibited similar patterns of MET to those in the unstented and N2-12916, with magnitudes greater than the unstented and less than the N2-12916 models. Figure 7 illustrates the changes in the PDF and CDF of the MET field within the stented and aneurysm region for the various cerebral models. With decreased stent filament size, the PDF shifts towards larger higher MET values. The CDF also indicates the unstented model has the highest volume of low MET, whereas the stented models have decreased volumes of low MET.
DISCUSSION
The newly described virtual stenting method provides a rapid and robust means for evaluating the performance of commercially available and nextgeneration stents in patient-specific geometries using CFD. The complexity of the coronary bifurcation and large basilar trunk aneurysm models demonstrates the applicability of these methods across vascular beds. Though the CFD results were quantified using some custom computer programs, the model creation and stent implantation process was completed using only commercially available CAD packages already frequently used by stent design engineers and open source software. The method provides a process and examples of results that were previously difficult or laborious to obtain. Localized changes in indices known to correlate with restenosis including WSS can now be obtained for almost any conceivable stent design.
Results not often reported such as intrastrut displacement due to differences in stent-induced scaffolding or parameterized contributions of design features to flow stasis can also be obtained rapidly.
Both vascular geometry and stent design are known to influence the post-procedural outcomes of stenting in most diseases treated by stenting. The method of virtual stent implantation employed in this investigation demonstrates a means of representing a complex vessel and full stent geometry to further understand the hemodynamic interactions between them. It is worth noting that other ways of virtually implanting stents into patient-specific vessels have been developed previously, 2, 17 but the series of Boolean operations described here are computationally inexpensive to include and ensure the stent model is in good apposition to the vessel wall.
Using the methods outlined in this investigation, most commercially available and next-generation stents could be modeled with the exception of braided stents with a circular strut profile or other more complicated strut profiles. Stents with complex strut profiles could be generated using the same modeling techniques described in this investigation when simulating blood flow through ideal vessels, but implanting these stents in a patient-specific geometry in which the dimensions of the vessel are not well defined is not possible using the current methods. Nevertheless, the current virtual stenting process provides a framework for rapidly producing and analyzing various stent designs. In this investigation, the deployed configuration of the each stent design was modeled as using parametric design techniques enabling rapid generation of several variations for a particular stent design. Modeling the stent in a deployed configuration further decreased the amount of time necessary to numerically compute the expanded configuration of the stent. Three cerebral aneurysm stent models were all generated from the same basic design that was created and virtually implanted in the aneurysm model within a few hours after establishing the variables for use with the initial stent geometry. Given that generating, modifying, and virtual implanting a stent design using the current method can be performed quickly, this process of stent modeling is well-suited for design optimization.
In addition to presenting a novel technique of stent implantation, our results demonstrate post-processing techniques of CFD data which enable a better understanding of flow dynamics within stented geometries. Computation of MET provides insight into changes in bulk flow characteristics within a volume of interest ( Fig. 7) and pinpoints specific locations of flow stasis (Figs. 4, 6 ), whereas metrics like aneurysm turnover rate only provide information about bulk flow. The ability to identify local regions of stagnation is useful understanding disease progression as demonstrated by Rayz et al. 42 who used a ''virtual ink'' technique to measures of local areas of flow stasis and found the combination of flow stasis and low WSS was a better predictor of thrombus formation within intracranial aneurysms than either of the two predictors alone. Using the coronary stenting models, we also show an unwrapping technique that facilitates the visualization and comparison of CFD results, such as TAWSS and displacement, within stented regions in a manner similar to that described by Antiga et al.
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Several properties of coronary stent design influence local hemodynamics within the coronary vasculature, such as strut size, width, deployments ratio, etc. 21, 44 In this study, the area of low WSS, an indicator for the localization of neointimal hyperplasia, was determined to be greater for the open-cell ring-and-link design (Stent A). Since strut radial thickness and deployment ratio were kept constant for both stent designs, the higher WSS of the closed-cell slotted tube design (Stent B) is likely the result of a longitudinal stent strut angle which is more aligned in the primary blood flow direction. 23 Using circumferential strain as a measure of the wall motion, Stent B allowed for slightly more wall motion than Stent A. Although somewhat counter-intuitive since initial visual inspection of calculated wall displacement indicated Stent A had higher peak displacement, the longer longitudinal length of the stent cell geometry of the prototype stent allows for a greater amount of strain to be generated in intrastrut regions. It should be noted the vessel was modeled with a constant compliance throughout the geometry, but compliance may vary spatial due to the presence of atherosclerotic lesions.
MET in the side branch just distal to the coronary stent is highly influenced by both the stent design and stent position (Fig. 4, cross-section B) , and it is difficult to predict which stent design performs best. Interestingly, the difference in MET due to struts crossing the side branch is quite diminished 1.25 mm distal to the stent (Fig. 4, cross-section C) , and it is unknown if the small volume of high flow stasis within this region is hemodynamically significant. While we did not consider the effects of stent position in this investigation, Williams et al. 60 modeled a worst case and best case stent position across the side branch in an ideal model and observed minimal changes in hemodynamics between the models. Future patient studies are likely needed to better understand the affects of the stent position on disease progression within stented bifurcations. The method of stent implantation demonstrated in this investigation is well-suited for investigating stent positions due to the control the user has during stent placement.
Within the cerebral aneurysm model, the velocity, MET, and WSS results indicate that stent implantation increases flow stasis, and decreased stent strut size further increases flow stasis within the aneurysm. Though the porosity of each stent was identical, velocity within the aneurysm decreased as the stent strut size decreased and reduced the area of the impact zone while increasing the area of low TAWSS. None of the stent designs completely eliminated the impact zone, so it is likely vascular remodeling would degrade the aneurysm wall in this region. Interestingly, the magnitude of TAWSS in the impact zone is similar to that in the basilar artery proximal to the aneurysm, but the tissue response to the WSS stimuli is likely different. Recently Meng et al. 32 induced basilar aneurysms in rabbits and found that diseased tissue within an aneurysm continues expanding and remodeling even after the hemodynamic stimulus that initiated aneurysm formation is removed, unlike healthy vascular tissue which ceases to remodel once stress levels return to a preferred physiologic level.
The results did not indicate any relationship between TKE and stent design. Overall the low Re and very small TKE values in each aneurysm geometry indicates that blood flow in the aneurysm is quite steady, so it is difficult to draw any conclusion about chaotic blood flow in this region. If blood flow to this region were increased by simulating exercising conditions, differences among the stent designs may be more apparent.
The current findings coincide with those of Lieber et al., 28 who showed that decreased filament size correlated with improved hemodynamic results in a previous PIV study of helical stents. However, this previous study also observed pronounced stent movement with very small filament size which caused increased circulation within the aneurysm for the smallest filament size considered. By modeling the stent as rigid, stent motion was not considered in the current investigation. Another previous PIV study of twenty different stent models, including helical stents, ring-and-link stents, etc., was unable to determine a simple relationship between either stent porosity or stent strut size with stent performance.
Since this work was able to quantify the effects of strut size at a constant porosity, future work may include repeating this study with the same basic designs, but using parametric modeling techniques to model three stents with identical strut size, allowing the porosity of the stents to vary. In this manner, it might be possible to identify which stent design parameters have the greatest influence on stent performance in cerebral aneurysms.
The current results should be interpreted within the constraints of several potential limitations. Notably, our stent implantation method does not model the mechanical interaction between the stent and the vessel during stent deployment. Accurately modeling stent deployment would require more extensive computations and knowledge of stent geometry and material along with the vessel geometry and morphology, which can be difficult to obtain in vivo. The methodology we have described does not account for compliance mismatch between the stent and vessel wall which often causes vessel straightening in curved vessels, 35, 58, 61 asymmetric stent deformation across aneurysm necks or branching arteries, 6, 14 kinking of the stent in regions of acute curvatures, 6 vessel prolapse into the flow domain, 4, 22, 36 or stent malapposition. 4 From previous CFD studies of the coronary arteries with and without straightening induced by stenting, we would expect extreme changes in curvature near the proximal and distal ends of stent may induce harmful distributions of WSS that leads to restenosis. 25 Vessel prolapse has been incorporated into idealized CFD models of commercial stents and was found to decrease the amount of the vessel exposed to low WSS. 36 Conversely, previous idealized models 22 and a more recent study of stent deployment in a canine artery ex vivo 4 have found that prolapse of the vessel into the flow domain increased levels of WSS; therefore hemodynamic alterations due to vessel prolapse likely depends on the stent design and how prolapse is modeled. The ex vivo canine model of Benndorf et al. 4 was also used to study stent malapposition in straight vessels and identified increased low WSS distal to the malapposition. Although our method of stent implantation does not account for the stent/vessel interactions discussed above, visiual comparison of the coronary model in this investigation to the Benndorf et al. canine model indicates that deviations from reality appear to be modest when this method is used in a relatively straight geometry. In vessels of acute curvature, the inability to predict changes in wall curvature and stent kinking are inherent limitations of our method. Future research on the virtually stent implantation methodology will work to address these limitations.
Most of the limitations of the virtual stenting method in this investigation are only valid when creating a priori models of stenting procedure. The method can also be used to reconstruct a patient-specific geometry post-stent implantation with much greater accuracy since the final geometry of the deployed stent and associated vessel is known. For example, using high resolution imaging data, such as optical coherence tomography, of a deployed stent, the stent boundaries and vessel lumen can be segmented and lofted separately to create two distinct models. Then the virtual stenting procedure can be used to implant the stent in only the model of the lofted stent boundaries. Subtracting the implanted stent model from the lumen model creates an accurate model of the stented vessel, which includes vessel prolapse, thrombosis, stent malapposition, and other vascular features because using two separate models for the stent and lumen does not confine the stent to being well apposed to the lumen. Using this modeling technique, the stent position is represented as it appears in vivo with the only limitation being the inability to model small nonuniform expansion of stent cells.
Modeling large portions of the vasculature in addition to a stent made it difficult to achieve mesh independence as defined by a change in time-averaged WSS at predetermined proximal and distal intrastrut <0.09 dyn/cm 2 between successive meshes. In the coronary stenting simulation, this level of accuracy was achieved with~3 million elements, but was not attainable in the cerebral aneurysm models due to the computational limitations of generating large meshes for vessels over such a wide range of sizes. Therefore, conclusions regarding intrastrut distributions of TAWSS were not made for these models. Measured levels of TAWSS within a 1.5 mm thick slice of the model proximal and distal to the stent changed by <1% for the cerebral aneurysm model. Though mesh independence was not attained as defined, stent struts extending across the neck of the cerebral aneurysm had >5 elements across their face for simulations with the densest meshes.
In summary, the current investigation describes an efficient method for virtual stent implantation in patient-specific models in order to analyze alterations in hemodynamics using CFD. Unlike idealized computational models of stent designs, this method can be used to quantify differences in stent performance in complex vascular models for most stenting procedures, as demonstrated in this investigation through the construction of two arterial models with varying degrees of complexity. For each model in this investigation, the method of virtual stent implantation was used to quantify the potential impact of partially occluding downstream vascular regions by stent struts and therefore may be used in future studies to investigate various stenting strategies at bifurcations or in response to treatments in order to provide additional insight into ways of optimizing stents for particular portions of the vasculature.
